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Introduction
DNA and RNA-based pathogen diagnostics remain as one of the most active fields of nucleic acid research (Gingeras et al., 2005; Wei et al., 2010) . PCR amplification remains a gold standard in nucleic acid-based diagnosis, but it requires expensive labels and trained personnel -and is time consuming because of multiple steps involved. In recent years, there has been interest in developing probe-based non-optical sensors that can obviate the use of PCR and fluorophore labeling to improve the detection time and lower the cost of diagnostic tests. A large number of papers have been published on amplification-free nucleic acid biosensors employing different transduction sensing mechanisms (Drummond et al., 2003; O'Connor and Glynn, 2010; Palchetti and Mascini, 2008; Peng and Miller, 2011) of which label-free technologies are of special interest (Kataoka-Hamai and Miyahara, 2011; Ricci and Plaxco, 2008) .
Nucleotides in DNA/RNA molecules are linked together through a sugar-phosphate backbone. The presence of the phosphate groups in this backbone renders both DNA and RNA molecules negatively charged making them suitable for manipulation (e.g. gel electrophoresis) as well as detection under electrical field. This intrinsic negative charge of DNA/RNA molecules can have a profound effect on both electronic and ionic conductivity of a system and has been explored to develop label-free nucleic acid sensors by measuring the electrical signal of the system. One such example is the field-effect-transistor (FET) that uses the electronic conductivity of the system for the detection of DNA molecules. In this system, the current passing between a source and a drain is controlled by the potential connected to a gate. This potential is sensitive to the negative charge of nucleic acid molecules present within the Debye length of the gate (Fritz et al., 2002) . This changes the capacitance of the gate-electrolyte interface resulting in a change in the total current passing through the transistor (Kim et al., 2004; Pandana et al., 2008) . Further, Li et al. (2004) Researchers have also demonstrated nucleic acid detection by directly monitoring the influence of DNA/RNA molecules on the ionic conductivity of nanochannels. These nanochannels are often single nanopores or an array of nanopores, where the charge and conductance of the nucleic acids within the nanochannels affects the intra-channel ion conductance. The immobilized DNA can render the nanochannel, or part of it, ion selective (Hou et al., 2013) . Jagerszki et al. (2007) measured flux of easily traceable anionic dye in a nanochannel functionalized with neutral peptide nucleic acid (PNA) probe and its hybridization to target DNA. While the PNA probe did not hinder the flux of anionic dye, the hybridized target DNA molecules efficiently decreased the flux through the channel. Further, Ali et al. (2010) observed a significant change in current voltage characteristics (CVC) upon hybridization of target DNA to uncharged peptide nucleic acid probes functionalized to a conical nanopore. Wang and Smirnov (2009) employed an ion selective alumina nanochannel for the detection of DNA molecules and used the change in conductivity of nanochannel upon DNA hybridization as a detection signal. Other groups have demonstrated sensors involving biological nanopores where DNA hybridization causes opening or closing of the nanopore which can be tracked by measuring the ionic current going through the nanopore (Krishnamurthy et al., 2010a (Krishnamurthy et al., , 2010b Steller et al., 2012) . This switch mechanism can essentially be used to detect any biomolecules including proteins and nucleic acids (Lucas and Harding, 2000) . A similar but simpler approach was presented by WeissWichert et al. (1997) where the binding of the target molecules blocked the entrance to the gramidicin pore resulting in diminished flux of ions.
Both FET and nanochannel sensors remain expensive to fabricate -and hence have not been commercialized for field-use diagnostics. Their small current (nA) and voltage (mV) signals also render both platforms sensitive to noise and contamination. While translocation time for single molecule through a nanochannel is short (ms), the total time to interrogate every molecule in the sample is still prohibitively long. Herein we report a novel, low cost and label-free biosensing platform for the detection of negatively charged nucleic acids using a positively-charged, heterogeneous anion exchange nanoporous membrane (Fig. 1A) . The sensor is based on a charge inversion phenomenon (Slouka et al., 2013) that occurs on the surface of a positively charged nanomembrane (not within the nanopores of the membrane) when negatively charged nucleic acid molecules bind to its surface. It operates at a much higher voltage than the nanochannel sensors because ion conductance is controlled by the surface charge of the membrane surface and two unique non-equilibrium ion transport phenomena described later. Anion exchange membranes are known to exhibit interesting non-linear current-voltage characteristics ( Fig. 1B -black curve) that arise due to the differences in fluxes of ions in the solution and the membrane. Small counterions (anions) are the main carriers of ionic current in the positively charged membrane (Fig. 1C) , while large anions and cations do not contribute to this ionic current due to size exclusion and electrostatic repulsion effects respectively. At low voltages, the current increases linearly with voltage showing an Ohmic behavior which is also known as the underlimiting region on the CVC (Fig. 1B black  curve) . Nanochannel sensors operate in this low-voltage Ohmic region. With increasing voltage, the concentration of the electrolyte on one side of the nanomembrane decreases (depletion side) while the concentration of the electrolyte on the other side increases (concentration side). This establishes a concentration gradient, known as concentration polarization, across the membrane (Krol et al., 1999; Tanaka, 2004) . The depletion side of the nanomembrane starts controlling the behavior of the system. At a certain current, the electrolyte concentration within the depletion region approaches zero, resulting in an increase in current resistance, which is reflected by a sudden decrease in the slope of the CVC. This region is denoted as the limiting region on the CVC (Fig. 1B -black curve) . The system gradually develops a very large differential resistance causing the electrical current to almost saturate out. In an ideal case, further increase in the voltage would result in broadening of the depletion region far into the electrolyte. However, experimental results show that the current does not saturate completely but instead starts to increase abruptly giving rise to a region known as overlimiting region. The explanation for this behavior is quite complex (Belova et al., 2006) as it usually involves a mechanism that destroys the depletion region. Recently, we reviewed possible mechanisms involving the overlimiting current and experimentally demonstrated that the electroconvection phenomenon (Chang et al., 2012; Slouka et al., 2013; Yossifon et al., 2009 ) developed at the depletion side was the major contributing factor for the appearance of sudden increase in current in the overlimiting region (Fig. 1B -black curve) . This electroconvection mechanism results from an action of a very strong electrical field developed in the depletion region on an extended polarized layer where an excess of anions creates a space charge (see inset of Fig. 1C for concentration profiles of anions and cations) (Chang et al., 2012; Rubinstein and Zaltzman, 2010) . This extended polarized layer is only a few times larger than the Debye layer and is no more than 100 nm in thickness, even though the electroconvection microvortices can reach 100 μm in dimension.
This suggests that the overlimiting current and to a lesser extent, the limiting current are both sensitive to surface charge changes on the membrane surface making it ideal for rapid surface assays, as the molecules do not need to enter the nanopores of the membrane. Its non-equilibrium features also endow them with large voltage/current signatures with correspondingly high dynamic range and noise insensitivity.
We recently demonstrated significant CVC changes when large, negatively charged molecules (e.g. DNA) are added to the surface of a positively charged membrane (Slouka et al., 2013) . The size of these molecules prevents them from passing through the membrane (size exclusion); however they can easily adsorb to the membrane surface. The adsorption is facilitated by strong electrostatic interactions between positively charged membrane and negatively charged molecules. By running real time fluorescence imaging on membrane surface, we observed a gradual suppression of electroconvection of the system for DNA concentrations lower than 1 μM (for 29 nucleotide long DNA). This behavior is related to the effect of DNA on extended polarized layer, where the adsorbed, immobile DNA replaces small, mobile anions (Fig. 1D) . The corresponding CVC of such a system is plotted in Fig. 1B (red curve) and is characterized with a shift of the overlimiting region to the right. At high DNA concentrations (over 1 μM) the layer of DNA becomes ion selective and creates a bipolar junction which at sufficiently large voltages splits water (Fig. 1E ), a phenomenon observed in bipolar membranes Desharnais and Lewis, 2002) . We note that the transition from electroconvection-controlled to water splitting-controlled regime is gradual and water splitting reaction was detected even for concentrations below 1 μM (Slouka et al., 2013) .
Fig. 1B represents our strategy of using the behavior described above for detection of nucleic acids. Our strategy involves covalent immobilization of negatively charged DNA oligoprobes onto the membrane surface which results in a shift in the overlimiting region to the right (black to red curve in Fig. 1B ).
Upon hybridization with specific DNA/RNA target molecules, the amount of negative charge increases corresponding to a further shift in the overlimiting region as depicted by the blue curve in Fig. 1B . Such a change in the overlimiting region of CVC was used to record the signature of the hybridization event for the detection of short DNA molecules, microRNA molecules associated with oral cancer as well as RNA from dengue virus, Brucella bacteria and Escherichia coli (E. coli). The proposed sensor is novel because, for the first time, the signal from the surface charge change is significantly amplified with charge inversion and with the large "overlimiting currents" that arise from microvortices and water splitting phenomena that accompany the surface charge inversion. In terms of voltage signals, typical Field-Effect-Transistor sensors record up to 100 mV signals with surface charge changes compared to $ 2 V shifts with our unique nanoporous membrane sensor. Additionally, novel mechanisms like water splitting reactions at the junction of a bipolar membrane and also vortices at the external boundary of a bipolar membrane (Senapati et al., 2011) are designed to enhance the signal. We demonstrate the unique performance of the sensor with high stability (8 days) and reproducibility, current limit of detection of 1 pM, selectively of 2 base pair mismatch as well as capability of identifying targets from a heterogeneous sample and a current time of detection of 20 min/sample. As the sensing principle is based on hybridization of negatively-charged nucleic acid molecules, the versatility of this platform makes it amenable for detection of other pathogenic targets in food, medical and environmental safety.
Experimental procedure

Reagents and chemicals
Commercially-available heterogeneous anion exchange nanomembrane composed of polystyrene-divinylbenzene fine particles with strong basic quaternary ammonium groups (R-(CH 3 ) 3 N þ ) supported by polyethylene as a binder and polyamide/polyester textile fiber was obtained from Mega a.s., Czech Republic (http://www.mega.cz/hetero genous-ion-exchange-membranes-ralex.html). The thickness of the membrane was $ 450 mm when dry and $ 700 mm after swelling in water with an exchange capacity of 1.8 mval/g and a pore size of around 1 nm. Two component silicon RTV system and Quick cast polyurethane resin were purchased from TAP Plastic Inc. (San Leandro, CA, USA). Phosphate Buffer Saline (PBS) 10 Â solution containing 1.37 M sodium chloride, 27 mM potassium chloride, 100 mM disodium hydrogen phosphate, and 18 mM potassium dihydrogen phosphate was purchased from Fisher Scientific (Waltham, MA, USA). 1-Ethyl-3-(3-dimethylaminopropyl)carbodiimide (EDC), benzophenone-3,3 0 ,4,4 0 -tetracarboxylic acid, and sodium hydroxide were purchased from Sigma Aldrich (St. Louis, MO, USA). Maintenance media including supplements, fetal bovine serum, streptomycin, penicillin, TRIzol s , amine-coupled oligoprobes and complementary single stranded DNA targets were obtained from Life Technologies (Grand Island, NY, USA). RNeasy Mini Kit was obtained from Qiagen (Valencia, CA, USA).
Fabrication of biochip
A polyurethane-based microfluidic device with top and bottom reservoirs bridged together by an anion exchange nanomembrane was used as the sensing biochip. To fabricate the biochip, two separate silicone molds representing the two reservoirs were cast from a primary mold created using CAD designs and 3D printing. A circular anion exchange membrane was sandwiched between the two silicone molds creating the reservoirs. A two-component polyurethane resin (1:1 ratio) was poured inside the mold and allowed to cure for 30 min. Release of the silicone mold yielded the polyurethane-based microfluidic biochip with an exposed membrane sensing area of either 3.5 or 1 mm 2 depending on the initial CAD designs. The biochip was then mounted onto a glass slide with inlet and outlet. The schematic of the biochip is depicted in Fig. 1A .
Attachment of oligoprobe on the sensing surface
The nanomembranes are made of divinylbenzene/polystyrene particles functionalized with quaternary ammonium groups that are embedded inside a polyethylene-polyamide/polyester matrix, where polyethylene acts as a binder and polyester/polyamide fibers provide mechanical stability. We used the inherent C-H bonds present on the membrane surface to covalently attach target specific oligoprobes using EDC chemistry (Sigal et al., 1996) and a carboxyl-terminated photo-crosslinker (Lin et al., 1988) . First, COOH groups were created on the surface of the anion exchange nanomembrane by adsorbing 10 μl of photoreactive benzophenone-3,3 0 ,4,4 0 -tetracarboxylic acid (1 mg in 10 μl water at pH 6-7) and exposing it to UV light for 20 min.
This allowed selective functionalization of carboxyl-benzophenone through radical polymerization to the C-H bonds on the membrane surface forming a carboxyl-terminated membrane surface. ElectroCure 500 UV Flood Curing Chamber with UV output of 30 mW/cm 2 at 356 nm wavelength was used to perform the photo-curing reaction (Electro-Lite Corp., Bethel, CT, USA). Next, the membrane was incubated with 0.4 M EDC in MES buffer for 30 min followed by an overnight incubation with 10 μM of the amine-coupled oligoprobe in 0.1 Â PBS solution to covalently attach the probe to the sensing surface by amide linkage. The successful functionalization of the probe on the membrane surface was characterized using IR spectroscopy (Bruker FTIR) and by measuring the CVC of nanomembrane before and after functionalization.
Isolation of target RNA
Aedes albopictus C6/36 were grown in 75 cm 3 tissue culture flasks at 28 1C to $ 80% confluency and infected with dengue serotype 2 (DENV-2 strain JAM1409) at a multiplicity of infection of 0.1. Maintenance media consisting of L-15 (Leibovitz) media supplemented with 10% tryptose phosphate broth and 2% FBS was added to the flasks after virus inoculation. Media was renewed 7 days post-infection. Cells were harvested day 14 post-infection by scraping them from the flask. To isolate the DENV-2 RNA, TRIzol s lysing solution was added to the infected cells, followed by spin column purification using the Qiagen RNeasy kit. For isolation of microRNA associated with oral cancer, oral squamous cell carcinoma cell line USCC-1 was engineered to overexpress miR-146a with viral vectors. The cells were cultured with MEM medium containing 10% fetal bovine serum, penicillin (100 U/ml) and streptomycin (100 μg/ml). 
Measurement of current-voltage characteristics
All electrical measurements were made using the Gamry 500 potentiostat in a four-electrode setup (Gamry Instruments, Warminster, PA, USA). Two reference Ag-AgCl electrodes were used for the measurement of the voltage across the membrane whereas two platinum electrodes were used to apply the current load. The reference electrodes were positioned close to the membrane surface in both reservoirs of the biochip, whereas the source electrodes were placed farther away to prevent any interference. Both reservoirs of the biochip were filled with 0.1 Â PBS solution prior to the measurement of the CVC. Two sensing areas of 3.5 mm 2 and 1 mm 2 were used to study the characteristics of the sensor. The CVC was obtained by applying current load from 0 to 75 μA for 3.5 mm 2 sensing area and from 0 to 40 μA for sensing area of 1 mm 2 at the step rate of 1 μA/s and measuring voltage drop across the membrane. The sensing reservoir (side of the anion exchange membrane functionalized with the oligoprobe) was connected to the ground whereas a positive potential was applied in the other reservoir. This connection ensured the formation of the depletion region in the sensing reservoir, making it sensitive to functionalization of the probe as well as its hybridization with the target of interest. In a typical experiment, CVC was measured in 0.1 Â PBS solution prior to functionalization of the oligoprobes on the sensing region. To confirm the functionalization, a second CVC was measured to observe changes in the signal. Finally, the DNA/RNA sample of interest was incubated for 15 min in the sensing reservoir to allow hybridization. Nonspecifically bound DNA/RNA molecules on membrane surface were washed three times using 4 Â PBS solution. A final CVC was measured after equilibrating the reservoirs in 0.1 Â PBS solution. Any shift in CVCs in the overlimiting region before and after hybridization indicated the successful detection of the target nucleic acids. To confirm the observed CVC shift was indeed due to hybridization of target nucleic acid molecules, a basic pH 13 solution was used to dehybridize and re-generate the probe resulting in the shift of CVCs back to the probe level.
Results and discussions
Our sensor works on the principle that target nucleic acid molecules upon hybridization to molecular probes functionalized to the positively charged nanomembrane alter the ion conductance across the membrane-solution interface resulting in a significant shift in CVC in the overlimiting region (Fig. 1) . As stated earlier, an increase in DNA concentration on the anion exchange nanomembrane has two major effects on the system in the overlimiting region as follows: (i) suppression of electroconvection and (ii) enhancement of water splitting reaction Slouka et al., 2013) . The extent to which electroconvection is suppressed and water splitting enhanced is given by the total amount of DNA present on the membrane surface and the combined effect reflects the amount of shift in the overlimiting region of the CVC. Here, we demonstrate our ability to use this highly sensitive overlimiting region of the CVC for the specific detection of complementary DNA as well as RNA from dengue virus, Brucella bacteria and E. coli O157:H7, microRNA associated with oral cancer and heterogeneous nucleic acid samples. We also studied stability, reproducibility, selectivity, limit of detection and dynamic range of the nanomembrane sensor.
Sensor stability and reproducibility
To validate the sensor stability, a bare sensor with 1 mm 2 sensing area (data not shown for sensing area of 3.5 mm 2 ) was fabricated and CVC was measured on the same sensor for 8 days at room temperature. For each measurement, the sensor was rinsed and equilibrated with a 0.1 Â PBS analyte solution and several CVC measurements were obtained on the same device to measure reproducibility (n ¼5). Fig. 2A shows no significant change in CVC after 8 days of measurement suggesting the sensor was very stable over time. We observed an average voltage of 3.25 V at 40 mA with a standard deviation of 0.06 V for the 20 measurements (five measurements on each of the four day points) thus demonstrating the sensors stability. Additionally, to study the sensor reproducibility, we again fabricated three different bare chips (without any analyte) with similar sensor area (1 mm 2 ). As seen from Fig. 2B , all three biochips showed similar CVCs (average of 1.54 V at 40 mA with a standard deviation of 0.03 V), suggesting the nanomembrane sensor is reproducible for biochips with similar sensor area. This is a very unique characteristic of our sensor over electrochemical sensors. Electrochemical sensors have the advantage of signal amplification using redox reporters which is useful for enhancing the detection sensitivity but are often instable in detection signal (Bogomolova et al., 2009 ). In our case, sensing is based on transport of ions through the membrane and by keeping the source electrodes far away from the membrane surface we do not observe any electrochemical reactions on the sensor surface making the sensor highly stable and reproducible.
Characterization of probe functionalization on membrane surface
The functionalization of oligoprobe was first evaluated by measuring the CVC before and after probe attachment and determining the shift in voltage at 50 mA. We observed a significant shift (0.5 V) in the CVC after performing the functionalization process as compared to the CVC of the bare membrane confirming successful functionalization of probe onto the membrane surface (Fig. 3A) . It should be noted that the CVC was measured after washing the membrane with high ionic strength solution (4 Â PBS) to remove any non-covalently bound DNA oligos. The high salt buffer (4 Â ) nullifies the electrostatic interaction between positively charge nanomembrane surface and negatively charge DNA molecules resulting in the removal of non-specifically adsorbed DNA molecules from the surface. We generally observed a shift of $ 0.5 to 0.6 V after probe attachment on a sensing area of 1 mm 2 and a smaller shift ( $0.2 V, data not shown) for larger sensing area (3.5 mm 2 ) since more oligoprobes are required to register the shift due to the charge inversion phenomenon described previously in Fig. 1 . The functionalization of oligoprobe on membrane surface was also characterized by IR-spectroscopy. Fig. 3B shows the IR spectra of the oligoprobe in DI water and on a dry nanomembrane surface after functionalization. Upon hydration, DNA undergoes a structural transition (Pevsner and Diem, 2001 ) resulting in symmetric and antisymmetric stretching vibrations of the phosphate linkage shifts progressively towards lower wavenumber. As seen in Fig. 3B (Fig. 3B) . 
Detection of pathogenic nucleic acids using nanomembrane technology
To demonstrate proof-of-concept, the nanomembrane sensor was first validated using a 27-base DNA sequence complementary to the probe functionalized on the membrane surface (Fig. 4A) . First, an oligoprobe was attached to the nanomembrane surface and CVC was measured and used as the baseline. The sensor was then exposed to 1 mM non-complementary probe sequence for 15 min; no significant shift from probe signal was observed.
However, upon incubation of the same biochip with 1 μM complementary probe sequence for 15 min, the CVC showed a large shift of $0.65 V, suggesting successful hybridization with the complementary probe sequence. To further confirm that the shift was due to hybridization, the biochip was treated with pH 13 solution to dehybridize and re-generate the probe. This resulted in the shifting of CVC back to the probe level. This clearly demonstrated the capability of the sensor to specifically detect short nucleic acid sequences. We would like to point out that since a larger sensing area (3.5 mm 2 ) was used for all the experiments in Fig. 4 , a higher current load (0-75 μA) was applied for all biochip measurements. It should also be noted that changes in CVC for all experiments in Fig. 4 were conducted at 70 mA.
Specificity of the nanomembrane sensor
Another important criterion for the success of any sensor is the detection specificity and its capability to discriminate closely related sequences. We first demonstrated the capability of the platform to specifically distinguish between two of the four serotypes of RNA-based Dengue virus (DENV-2 and DENV-3). Dengue virus is a rapidly emerging global public health threat with an estimated 390 million people infected annually -three times more than the current estimate by WHO (Bhatt et al., 2013; Mangold and Reynolds, 2013) . Early diagnosis of dengue therefore has significant clinical importance, and can help facilitate appropriate supportive therapies to reduce morbidity and mortality. Diagnostic sequences for serotype-specific oligonucleotides have been previously published (Seah et al., 1995a (Seah et al., , 1995b Shu and Huang, 2004) and were used for the experiments described here. First, the specific oligoprobe for DENV-2 was functionalized on membrane surface as described earlier. A CVC was recorded after functionalization and used as the baseline. A non-target complementary sequence corresponding to DENV-3 was incubated for 15 min, followed by a 4 Â PBS solution wash. A subsequent CVC was measured to observe any changes. A similar protocol was then used with the target RNA obtained from dengue serotype 2. As shown in Fig. 4B , a shift of $ 0.6 V was observed in CVC for target RNA sample (DENV-2) incubated at a concentration of 50 pg/μl while no significant shift was observed for non-target sequence (DENV-3), suggesting the capability of the sensor for serotypespecific detection of dengue virus. To further confirm that the shift with DENV-2 RNA was indeed due to hybridization to the functionalized probe, a high pH wash was performed resulting in the regeneration of CVC back to the probe level confirming the specific detection of DENV-2 RNA (Fig. 4B) .
We further tested the specificity of the nanomembrane-based sensor by using closely related microRNA sequences that differ by Fig. 4 . Specificity of the nanomembrane sensor. (A) A proof-of-concept demonstration of nanomembrane sensor using 27 base DNA sequence complementary to the probe sequence attached on the nanomembrane surface. (B) Serotype-specific detection of dengue virus indicating the sensor's capability to specifically detect RNA from dengue serotype 2 when incubated with a sensor pre-functionalized with a DENV-2 oligoprobe. No shift was observed when the sensor was incubated with a sequence corresponding to DENV-3. In addition, high pH wash resulted in dehybridization of target and probe resulting in a regeneration of CVC corresponding to the probe level. (C) The specificity of the sensor was challenged by using a non-target sequence differing by only two base pairs compared to the target sequence. Change in CVC was only observed for the target microRNA sequence indicating the sensor's capability to distinguish two base pair mismatches. (D) The specificity of the sensor when exposed to a heterogeneous mixture of target sequence along with three non-target sequences. Again, a change in CVC was only observed when the target DENV-2 RNA was present in the heterogeneous sample but no shift was observed for heterogeneous sample without the target RNA. only 2 bases (miR146a target sequence: UGAGAACUGAAUUC-CAUGGGUU and miR146b non-target sequence: UGAGAACU-GAAUUCCAUAGGCU). Changes in expression level of miR146a plays a significant role in oral cancer detection (Shi et al. 2012) . As seen in Fig. 4C , no significant shift was observed for the twobase mismatch non-target sequence whereas a shift of $0.7 V was observed when the target sequence (50 ng/ml) was incubated in the biochip. This clearly demonstrated our sensor's capability to successfully discriminate microRNA sequences with two base mismatch.
To further test the efficacy of the sensor, we designed an experiment mimicking a practical sample consisting of several nucleic acids. We wanted to test the ability of the nanomembrane sensor to capture and record the hybridization of target nucleic acids from a heterogeneous mixture. To test the selectivity of the sensor in a heterogeneous RNA mixture, we first modified a nanomembrane surface with DENV-2 probe. A lab-constructed heterogeneous sample consisting of equal proportions (10 pg/μl) of DENV-2 target RNA, oligo sequence corresponding to DENV-3, Brucella RNA and E. coli RNA was prepared. After incubating this heterogeneous sample in the biochip functionalized with DENV-2 probe, a shift in the CVC (0.45 V) was observed confirming the ability of the sensor to pick up the specific target RNA sequence from a heterogeneous mixture (Fig. 4D) . Importantly, the same heterogeneous mixture without the DENV-2 RNA produced no significant shift in voltage showcasing the ability of our sensor to be specific even in the presence of three non-target sequences.
Limit of detection and dynamic range
In the experiments described earlier, a biochip with sensing area of 3.5 mm 2 was used and we observed a noticeable shift for rather large concentrations of the target molecules on the order of 10-100 nM for a 27 base DNA sequence. Since the sensing principle is dependent on the amount of negatively charged molecules on the membrane surface, we expect to see enhanced sensitivity simply by reducing the sensing area of the nanomembrane sensor. We fabricated biochips with a smaller sensing area of 1 mm 2 and performed a concentration study to see the effect of the sensing area on the limit of detection. We observed an improvement in the limit of detection of the nanomembrane biochip down to 1 pM (10 7 copies/100 μl) after reducing the sensing area from 3.5 mm 2 to 1 mm 2 (inset of Fig. 5A ). This limit of detection is comparable to traditional electrochemical nucleicacid based biosensors (Cagnin et al. 2009 ). However, it is not clearly understood why 3.5 times reduction in sensing area improves the limit of detection by 4-5 folds and is the subject of current investigation in our laboratory. We also observed a dependence of the voltage shift on the concentration of target molecules, which allows calibration of the nanomembrane sensor. 27 base target ssDNA solutions with concentrations of 1 pM, 100 pM, 10 nM and 1 μM were allowed to hybridize sequentially with the specific probe functionalized on membrane surface for 15 min and the appropriate CVCs were measured. Fig. 5A shows clear evidence that higher concentrations produce larger voltage shifts in the CVC evaluated at 40 μA. It should be noted that the same biochip was used to perform the limit of the detection study after dehybridizing and regenerating the probe using pH 13 solution. The experiment was repeated in triplicates which show the reproducibility of the membrane to consistently detect low concentrations of DNA. Thus we expect a further enhancement in the sensitivity ( opM) for even smaller sensing area as well as for longer RNA sequences ( 41000 bases long) as the detection is based on the amount of negative charge attaching to the membrane surface. Fig. 5B depicts the bar diagram showing changes in CVC from probe level with increasing DNA concentration clearly demonstrating the sensor's dynamic range of six orders of magnitude.
Versatility of the nanomembrane technology
The versatility of the nanomembrane-based sensor was then demonstrated to detect target nucleic acids of various pathogens provided a target-specific oligoprobe sequence was known. To further extend the scope of our sensor, we tested the sensor against RNA samples of Brucella and E. coli O157:H7. Foodborne diseases are one of the most common causes of mortality worldwide, and have significant economic consequences with financial losses accounting to billions of dollars to food industry (Myint et al., 2006; Scharff, 2012) . Over the past decade, the noticeable increase in foodborne illnesses due to the bacterial contamination of foods have been reported with increasing illnesses resulting from consumption of fresh fruits and vegetables (Erickson et al., 2010; Heaton and Jones, 2008) and furthermore, there is continued threat of transmission of emerging pathogens including Brucella sp., and E. coli O157:H7 through food (Altekruse et al., 1998; Skovgaard, 2007) . Similar to the experiment for dengue detection, previously-studied oligoprobes for Brucella were functionalized onto the membrane surface (Nelson et al., 2002; Wellinghausen et al., 2006) . After confirming an improvement in sensitivity with smaller sensing area, experiments in Fig. 6 were carried out with a smaller surface area (1 mm 2 ) and hence the Fig. 5 . Sensitivity of the nanomembrane sensor. (A) Changes observed in CVC with gradual increase in the voltage shift upon incubating the same probe-functionalized biochip with increasing DNA concentration (27-base long target). As the sensing principle is based on the charge inversion phenomenon, we observed that by decreasing the exposed sensing area, we were able to achieve sensitivity down to 1 pM concentration. Again, no change in CVC was observed for non-target sequence. current load applied ranged from 0 to 40 μA. As expected, target Brucella RNA (2 pg/μl) caused a significant shift in voltage (0.3 V) at 40 mA while non-target RNA (DENV-2 RNA in this case) resulted in no shift from the probe level confirming the sensor's ability to detect Brucella RNA (Fig. 6A ). Fig. 6B shows similar results for detection of E. coli O157:H7. After functionalizing the probe (Sharma, 2006) , a significant shift in CVC ( $ 1.5 V) was only observed for 40 pg/μl target RNA whereas no shift was observed when the biochip was incubated with non-specific DENV-2 RNA. It should be noted that for all the detection experiments, identical incubation (15 min) and washing conditions (high ionic strength 4 Â PBS solution) were used.
Conclusions
We have successfully demonstrated a novel biosensor capable of rapid detection of nucleic acids (DNA/RNA) from any pathogen of interest, using the charge inversion phenomenon when negatively charged nucleic acids assemble on the surface of the positively charged membrane. Changes in current-voltage characteristics were used to identify and quantify targets that hybridize with specific complementary probes covalently functionalized on the membrane surface. In our platform, we observed large voltage and current signal changes suggesting better signal-to-noise ratio with more accurate quantification. We have shown that the nanomembrane sensor is stable, reproducible, and can specifically detect RNA of dengue virus, Brucella and E. coli as well as microRNA associated with oral cancer. The nanomembrane sensor is specific and able to distinguish two base mismatches in the target sequence as well as capable of capturing and recording the target sequence from a heterogeneous mixture. By reducing the sensing area, we demonstrated a limit of detection of 1 pM and a 6-order dynamic range. The versatility, specificity, sensitivity and its capability of rapid detection without prior amplification provide several future applications of this nanomembrane sensor in environmental, food and medical safety.
